I INTRODUCTION
Synthetic transmit aperture (STA) imaging has been investigated by several research groups over the last decade, e.g. [1, 2] . The results presented have in general shown that STA imaging has the potential to improve image quality beyond that obtained by the traditional imaging techniques like linear/phased array imaging. So far, however, in-vivo implementation of STA imaging has generally been limited by two main problems: 1) Low signal-to-noise ratio (SNR), and 2) Susceptibility to tissue motion.
The low SNR arises due to the classic application of a single transmit element. This limits the penetration of the ultrasound beam in the presence of attenuation, which is a general property of biological tissue, and thus minimizes the clinical utility of the approach. In recent papers [1, 3] it has however been shown, that the loss in SNR can be overcome by replacing the single transmit element with a subaperture defocused to emulate a high power spherical wave, and at the same time replace the traditional short excitation with a long linear frequency modulated (FM) waveform [4] . This approach, denoted TMS imaging 1 , increases the SNR by several dB compared to e.g. linear array imaging, which makes in-vivo imaging possible. Thus, the short penetration depth is * This work is sponsored by grant 9700883 and 9700563 from the Danish Science Foundation, by Ph.D. grant 11-3160-55173 from the Technical University of Denmark, and by B-K Medical A/S, Gentofte, Denmark. 1 Temporally encoded Multi-element Synthetic transmit aperture (TMS) imaging no longer an issue, which requires attention.
STA imaging relies on the coherent summation of sequentially acquired and beam formed low resolution images. Thus, STA imaging is susceptible to tissue motion, because this will cause the low resolution images to be incoherently summed, resulting in an unfocused image. This susceptibility is more pronounced for STA imaging compared to traditional imaging, because the latter techniques build up the image line by line. Tissue motion therefore distorts the structures in the traditional images rather than degrading the spatial and contrast resolutions. If tissue motion is severe, successful STA imaging requires motion compensation. This is especially the case, if several emissions are used for each high resolution image.
This paper presents a method for tissue motion compensation in STA imaging based on cross-correlation of high resolution image lines beamformed along the direction of the motion. The method and acquisition strategy is described in Section II, and simulations with Field II used to theoretically investigate the approach are presented in Section III. Phantom measurement results obtained using the RASMUS research scanner are presented in Section IV, and the paper is concluded in Section V.
II MOTION COMPENSATION
Coherent summation of the low resolution images beamformed after each emission in STA imaging is necessary in order to fully utilize the advantages of the method. If these images are not phase aligned, incoherent summation will occur which produces an unfocused, smeared high resolution image. This affects the SNR, spatial resolution, and contrast resolution. Such phase misalignment is produced by target motion, where the tissue moves between each emission. Thus, it is necessary to estimate this motion and compensate for it in order to maintain image quality.
Different methods for motion estimation and compensation have been studied for synthetic aperture ultrasound imaging previously, e.g. [5, 6] . As reported in these papers, the dominant factor in image degradation is axial motion due to the significantly higher spatial frequency in this direction. Lateral motion will however also have a significant impact on the image quality. This is especially the case, if many emissions are used, because the motion artifacts build up. Therefore, two dimensional motion compensation is necessary. Generally, motion estimation methods are based on crosscorrelation of reference signals to find the shift in position or phase of the tissue. The degree of success of such methods depends on the correlation between the reference signals, which again depends on the degree of common spatial frequencies used to generate the reference signals. One method to obtain highly correlated reference signals is to use high resolution images. These will be completely correlated, if they are acquired in exactly the same way. This property has recently been used to generate synthetic aperture flow images in [7, 8] , where the blood flow velocity is estimated by crosscorrelating high resolution lines acquired using TMS imaging with few emissions and beamformed along the flow direction.
The motion estimation and compensation method presented here is based on the synthetic aperture flow method mentioned above. The approach utilizes the high correlation between the high resolution images and the fact that for a given emission any set of image points within the interrogated region can be created using STA beamforming [7] . The method is illustrated in Fig. 1 using two emissions. For a given image point at which tissue motion is to be estimated, a set of low resolution lines along selected directions are beam formed for each emission. For each set of consecutive emissions, here
, etc., the corresponding lines for each angle θ are then summed to form high resolution lines g m (n, θ), g m+1 (n, θ), g m+2 (n, θ), etc., where n is the sample number. Assuming a constant tissue velocity during the acquisition, the distortion in g m (n, θ) and g m+2 (n, θ) will be the same and the only difference is the shift in position of the scatterers. The correlation for the different angles will be highest in the direction of the motion. By crosscorrelating g m (n, θ) and g m+2 (n, θ) for all angles, the direction of the motion is therefore found at the angle for which the normalized correlation coefficient is maximum. For this angle the shift in position can be found and thus the velocity.
The shift in position between high resolution lines g m+1 (n, θ) and g m+3 (n, θ) will be equal to that between g m (n, θ) and g m+2 (n, θ), if the tissue velocity is assumed constant. Thus, the peak in the cross-correlation functions will be located at the same lag, and they can be averaged to improve the velocity estimate. This averaging can be applied for as long as the velocity can be assumed constant.
In general, M emissions, denoted flow mode emissions or F-mode emissions, are used, and the emission sequence is repeated N seq times. The i'th high resolution line is created by
where n, n = 1, 2, . . . , N, is the sample number along the line, θ is the angular direction of the line, and r p denotes the location of the point being investigated (see Fig. 2 ). The signal s m (n, θ, r p ) is the low resolution line for emission m, and i = 1, 2, . . . , M(N seq − 1). The number of samples N in the directional lines and the sampling interval δr are determined by several parameters, e.g. the spatial frequency at the given angle θ, and the maximum tissue velocity. The normalized cross-correlation is obtained by where k is the lag, and σ 2 i and σ 2 i+M are the variances of g i (n, θ, r p ) and g i+M (n, θ, r p ), respectively. Using the average cross-correlation function
the direction of the motion is found at the angleθ( r p ) for whichρ(k, θ, r p ) is maximum as explained previously. The velocity magnitude v m ( r p ) of the motion is then calculated byv
where k max (θ, r p ) is lag of the cross-correlation peak, and f pr f is the pulse repetition frequency.
To obtain continuous B-mode and flow imaging, the TMS imaging emissions and the F-mode emissions are interleaved such that every second emission is an F-mode emission. Hereby, the motion can be estimated continuously. The velocity and angle estimates are used to compensate the low resolution B-mode images by recalculating the location of the image points to beamform. With reference to Fig. 2 , the high resolution B-mode image is created by
where w n ( r p ) is the apodization values for receive element n, w m ( r) is the apodization value for transmit element m, c is the sound speed, and N xmt and N rcv are the number of emissions and receive channels, respectively. The total distance d m,n ( r t (m)) from transmission center m to the tracked image point and back to receive element n is given by
where
Note, that this approach can also be used for continuous Bmode and blood flow TMS imaging.
III SIMULATIONS
To investigate the method described in the previous section theoretically, a simulation using Field II has been performed [9, 10] . A commercial 128 element 7 MHz linear array transducer with element spacing on the order of a wavelength (λ) was used. Each emission is performed using a 33 element subaperture and with a 20 µs linear FM signal as excitation waveform. The linear FM signal and the corresponding compression filter have both been amplitude weighted to reduce the near and distant temporal sidelobes [4, 3] . Each acquisition sequence consists of 96 B-mode emissions and 12 motion sequences each with 8 F-mode emissions. This results in a total of 192 emissions in each acquisition and 89 crosscorrelation estimates. The B-mode and F-mode emissions are interleaved with ratio 1-to-1 as explained above. For every Bmode emission 64 receive elements spaced by 2λ were used (i.e. every second transducer element). For the F-mode emissions the 64 element receive aperture was centered around the transmit subaperture.
A tissue mimicking phantom containing an anechoic cyst with a diameter of 4 mm centered on-axis and 25 mm away from the transducer was used as target. Uniform tissue motion was simulated by changing the position of the scatterers between each emission event. The velocity of the motion was 0.15 m/s, and the scatterers were moved at an angle θ = 110 • relative to the z-axis, see Fig. 2 .
The velocity magnitude and angle were estimated for every 2 mm in both the lateral and axial direction. The relative bias and standard deviation (STD) of the velocity estimate obtained were -4.40% and 0.85%, respectively, while the relative bias and STD of the estimated angle were 1.08% and 0.20%, respectively. The resulting images are shown in Fig. 3 . Clearly the motion completely destroys the image quality in the uncompensated image, while the image quality has been fully recovered after motion compensation.
The degradation in contrast resolution CR rel in percent relative to the reference phantom is calculated by
where CR re f is the contrast resolution of the reference phantom, and CR ob j is the contrast resolution of the object being analyzed. The contrast resolution CR is calculated by [3] 
where I C is the intensity inside the cyst, and I S is the intensity of the speckle. Using these equations, the contrast resolution before compensation is degraded by 48%, while no appreciable difference is present after motion compensation. 
IV MEASUREMENTS
Measurements were performed using the RASMUS research scanner developed at our center [11] . This system has 128 individually programmable transmitters capable of sending arbitrary coded waveforms with a precision of 12 bits at 40 MHz. Sixty-four receive channels are sampled simultaneously with a resolution of 12 bits and 40 MHz, and the 2-to-1 multiplexing in the system enables acquisition of 128 channels in real-time over two transmissions.
An anechoic cyst phantom containing water filled cylinders with diameters of 4 mm and 8 mm was scanned. The applied acquisition and processing strategies were identical to those used in the simulation described in the previous section to enable direct comparison of the results. Uniform scatterer motion was emulated by moving the transducer between each emission using a high precision translation stage. The velocity and direction of the imposed motion was 0.106 m/s and -68.2 • , respectively.
The tissue velocity and motion direction was estimated for every 2 mm in both the lateral and axial direction, and the angular separation between the directionally beam formed lines was 1 • .
The relative bias and STD of the velocity estimate obtained were -7.23% and 15.84%, respectively, while the relative bias and STD of the estimated angle were 1.11% and 4.65%, respectively. These numbers are higher than those obtained in the simulation, because they contain the false estimates from inside the cysts. These can be avoided by using a proper discriminator between noise and tissue. Neglecting the false estimates from inside the cysts, the relative bias and STD of the estimated velocity becomes -3.24% and 5.63%, while the angle estimates change to -0.14% and 1.81%.
The uncompensated, compensated, and reference B-mode images are shown in Fig. 4 . As seen, a significant improvement in image quality has been obtained although the variance of the motion estimates is relatively high. The difference in contrast before and after compensation is 29% and 0.61%, respectively, for the cyst located at depth 40 mm.
V CONCLUSION
A new method for tissue motion compensation was presented. The method estimated the velocity and direction of the tissue motion at every tissue region using crosscorrelation of high resolution lines beam formed along multiple direction. The direction of the motion is determined by the angle for which the correlation is maximized, and the velocity is found using conventional cross-correlation techniques. Compensation is performed using the velocity and angle estimates by recalculating the location of the image points, when beamforming the compensated low resolution images.
The simulation results showed nearly perfect motion compensation using the method. The difference in contrast resolution before and after compensation was 48% and approximately 0%, respectively. The measurement results showed, that successful motion compensation can be obtained using the method in a noisy environment with only a 0.61% difference in contrast resolution after compensation.
